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ABSTRACT
Human Knee FEA Model for Transtibial Amputee Tibial Cartilage Pressure In
Gait and Cycling
Gregory Lane

Osteoarthritis (OA) is a debilitating disease affecting roughly 31 million
Americans. The incidence of OA is significantly higher for persons who have
suffered a transtibial amputation. Abnormal cartilage stress can cause higher OA
risk, however it is unknown if there is a connection between exercise type and
cartilage stress. To help answer this, a tibiofemoral FEA model was created.
Utilizing linear elastic isotropic materials and non-linear springs, the model was
validated to experimental cadaveric data. In a previous study, 6 control and 6
amputee subjects underwent gait and cycling experiments. The resultant knee
loads were analyzed to find the maximum compressive load and the respective
shear forces and rotation moments for each trial, which were then applied to the
model. Maximum tibial contact stress values were extracted for both the medial
and lateral compartments. Only exercise choice in the lateral compartment was
found to be a significant interaction (p<0.0001). No other interactions in either
compartment were significant. This suggests that cycling reduces the risk for
lateral OA regardless of amputation status and medial OA risk is unaffected. This
study also developed a process for creating subject-specific FEA models.
Keywords: Osteoarthritis, human knee, transtibial amputee, finite element
analysis, gait, cycling, articular cartilage
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1. INTRODUCTION
1.1 Motivation
Osteoarthritis (OA) is a highly debilitating disease that is characterized by
the degradation of joint articular cartilage (AC), a near frictionless avascular
tissue present in skeletal joints where it covers the articular surfaces of bones [1].
Without a layer of AC, joints may become stiff and painful to articulate. It is
estimated that the economic burden of OA in America totals more than $200
billion annually [2]. This is from both treatment costs and economic costs
associated with lost productivity. OA is the most common cause of disability in
adults, with approximately 30.8 million American adults suffering from OA in 2015
[3]. For military veterans specifically, roughly 1 in 3 has OA [4]. Given that there
were 20.8 million veterans in the US population in 2015 [5], there are roughly 6.2
million veterans currently living with OA, and it is one of the most common
causes of pain and disability in veterans. In 2017, the United States Department
of Veterans Affairs (VA) spent $68.6 billion on healthcare [6]. Because American
taxpayer funds go towards the treatment of OA for veterans, there is a large
economic incentive to understand more about the disease and how it can be
prevented.
From cohort studies done on veterans [4], [7], it is understood that
transtibial (TT) amputees (leg amputated below the knee) have a much higher
incidence of tibiofemoral (TF) OA than non-amputees, particularly in their healthy
knee. The leading belief is that significant trauma to a lower limb causes the body
to naturally compensate by loading the intact native limb more heavily [8]–[11].
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This can lead to loading the AC in modes it was not designed for and at higher
loads. This abnormal loading condition causes higher contact stresses inbetween bodies of the knee, which can lead to higher AC strains and therefore
accelerated wear [12], [13]. Therefore, the most direct measure of OA risk due to
AC loading is the contact pressure.
Further, it is not well understood how altering exercise routines for TT
amputees impacts the useful life of the TF cartilage. Experimental evidence
points to the trend that non-impact exercises, such as cycling, have lower peak
cartilage loads than impact-intensive exercises such as normal gait or running
[14], [15]. However, the loads present at the TF joint are multi-dimensional due to
the complex muscle structure in the thigh and shank that transmit forces to and
across the joint. In general, there are 3 forces [compressive, anterior-posterior
(AP) shear, and medial-lateral (ML) shear) and 3 rotation moments (flexionextension (FE), varus-valgus (VV), and internal-external (IE)] being applied.
Additionally, the contact geometry of the TF joint is a function of the flexion angle.
Therefore, while the compressive force may be different in one exercise
compared to another, the addition of shear forces and rotation moments
compounded by the changing joint angle means that understanding the
relationship between exercise type and contact pressure is not trivial.
Determination of this relationship is best suited to a numerical simulation.

2

1.2 Prior Work
Finite element models have been widely used to investigate the effects of
various physiological conditions on TF biomechanics. A large body of literature is
available for the modeling of different materials in the TF joint, such as cartilage
[16]–[21], menisci [22]–[25], bones [26]–[28], and ligaments [29]–[32]. Other
authors have proposed generalized development methods for creation of joint
models [33], [34].
Whole knee FEA models have been used to simulate patellofemoral
mechanics [35], [36] and how they can impact patellofemoral cartilage wear [37].
Studies have also investigated how knee trauma and surgery impacts stress
distribution and biomechanics [38]–[41], carrying some clinical implication on how
to better treat patients with such conditions. Probabilistic models have highlighted
knee model sensitivity to soft tissue definitions and why effective subject-specific
modeling is paramount to producing clinically relevant data [42]–[44]. Previous
studies within the Cal Poly Human Motion Biomechanics Lab have created TF
models to investigate effects of exercise choice [45], obesity and joint
malalignment [46], and anterior cruciate ligament (ACL) deficiency [47] on
cartilage stresses. In the literature search conducted, a study investigating
exercise choices for TT amputees was not found.

1.3 Objectives
The objective of this study is to investigate cartilage pressure differences
between exercise types as well as between TT amputees and healthy control
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subjects. Gait and cycling are two of the most common and accessible exercise
types. They also constitute an important subset as they represent two different
loading modalities (impact and weight bearing in gait versus non-impact and nonweight bearing in cycling). By analyzing differences between TT amputees and
controls, relative risks specific to TT amputees can be highlighted.
These risk factors will be assessed by creating TF FEA models to predict
the cartilage contact pressure in TT amputees and control subjects. By use of
magnetic resonance imaging (MRI), the joint geometry can be recreated as a
computer model. Subsequently applying material properties, boundary
conditions, contact definitions, and ligament springs will yield a model that can
recreate in vivo TF contact pressure. The model will be validated against
experimental measures of knee contact stress and tested for sufficient numerical
convergence. Once converged and validated, the model can be used to simulate
loading cases from several TT amputee and control subjects for gait and cycling
exercises. From these results, any statistical differences can be found.
Another objective of the study is to develop a method by which multiple
models can be formed. The single model used for results will serve as a proof-ofconcept for the process that can then be used to create subject-specific models
in the future. The addition of subject-specific geometry will increase the clinical
relevance of the study results as a subject could then have their specific knee
loads applied directly to a model of their knee for analysis of how exercise
changes would impact their quality of life, instead of relying on the assumptions
of a generalized model.
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2. METHODS
2.1 Experimental Data
As part of the larger scope of this research project, 8 TT amputees and 11
healthy control subjects were brought in for motion analysis. Of these, 6
amputees and 6 control subjects had their data used for this FEA study.

2.1.1 Subject Information
Aggregate subject demographics are presented in Table 2.1. All subjects
were admissible within the exclusion criteria for the motion analysis study.
Control subjects were selected to match the demographics of the amputee
group. There were a limited number of readily available amputee subjects, and
only six were available for the FEA study.
Table 2.1 Aggregate subject information
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2.1.2 Gait and Cycling Experiments
As part of a separate study, other researchers in the group conducted
experiments according to [14] and used inverse dynamics to calculate knee joint
resultant loads. All study protocols were approved by Cal Poly’s Human Subjects
Committee and were designed to minimize risk to human subjects. From the
experiments, knee resultant loads were determined including the knee
compressive load, anterior-posterior and medial-lateral shear forces, varusvalgus and internal-external rotation moments, and flexion angles.

2.1.3 MRI Procedure
One control subject was asked to undergo a MRI scan at San Luis
Obispo’s French Hospital as part of the testing procedure. The MRI was
performed on a GE Signa HDxt 1.5T scanner (GE Healthcare, Little Chalfont,
UK). The MRI was a proton density fast spin-echo, fat saturated sequence (4800
second relaxation time, 32.1 second echo time, 2 averages, 90-degree flip angle)
in the sagittal plane with 1 mm slice thickness and a 512x512 matrix. The MRI
covered approximated 8 cm of the distal femur and 8 cm of the proximal tibia.
After investigating other sequences and on the advice of a local radiologist, this
sequence was chosen to give the highest signal and make the cartilage easier to
segment. The MRI was anonymized using a MATLAB (MathWorks, Natick,
Massachusetts, USA) script to remove personal subject details then slightly
filtered and color balanced to assist with segmentation.
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2.2 Model Development
Once the MRI was obtained and anonymized, it had to be turned into an
accurate 3D model of the TF geometry, including any relevant soft tissue. From
there, the body had to be turned into a computational mesh suitable for FEA.
Because of the complicated geometry and wanting to establish a procedure to
develop multiple models, an automated process for developing the computational
mesh was desired. By using tetrahedral elements of sufficient complexity, a
Delaunay tetrahedralization scheme produced suitable meshes.

2.2.1 Segmentation
The separate bodies within the TF joint were outlined and shaded, a
process referred to as segmentation, using an open source program, ITK-SNAP
[48] (University of Pennsylvania, Philadelphia, PA, USA). The segmentation
process involved assigning different color labels to specified areas of the MRI. To
obtain sufficient geometry of the TF joint, the distal femur, femoral cartilage,
lateral and medial menisci, lateral and medial tibial cartilage, proximal femur, and
fibula were all segmented. The knee ligaments did not appear in the MRI in
enough detail to be faithfully segmented for construction of a continuum body.
Therefore, they were excluded from segmentation and modeled as non-linear
springs (section 2.2.5) with origin and insertion sites determined from the MRI.
An example of the completed segmentation is shown in Figure 2.1.
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Figure 2.1 Fully segmented knee slice showing femur (red), femoral cartilage
(purple) medial meniscus (yellow), medial tibial cartilage (orange), and tibia
(green).
After segmentation was complete, ITK-SNAP assembled the labels from
each slice into a 3D body by taking the outline of the segmented area in the slice
and stitching them together to create a surface. One of the most direct ways to
represent the surface mesh is with a 3D Piecewise Linear Complex (PLC) [49]. A
8

PLC is a set of cells with the properties that: 1) the boundary of each cell in the
PLC is a union of cells in the PLC, and 2) if two distinct cells intersect, their
intersection is a union of cells in the PLC. A 0-dimensional cell of the PLC is a
“node” or “vertex”, a 1-dimensional cell is an “edge” or “segment”, and a 2dimensional cell is a “face” or “facet”. From the cloud of points representing the
surface of the body, a PLC can be defined with triangular facets that closely
approximates the true underlying surface.
Computationally, triangular 3D PLCs are often represented as
stereolithography files (STL). When shown in plain text, STL files list the facets of
the PLC with the 3D coordinates of each facet’s nodes. STL files are commonly
used in computer applications, notable in 3D printing applications. Exporting the
knee structures in this format made them readily available to be imported into a
wide variety of solid modeling software. STL files can be represented in either
binary or ASCII characters. ASCII characters resulted in a larger file, but were
easier to import into MATLAB. This file format is shown in Figure 2.2
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Figure 2.2 ASCII representation of an STL file.
2.2.2 Smoothing
The MRI only afforded limited resolution of the knee structures. Because
there were only approximately 100 sagittal slices, the bodies exported from ITKSNAP were very coarse and had sharp steps. Additionally, because each
segmented voxel was treated as a data point, the raw mesh density was much
higher than necessary, often by an order of magnitude or more. To reflect the
smooth anatomical surface more accurately, the bodies were refined in the opensource mesh processing tool MeshLab [50] (Institute for Computer Science and
10

Technologies, Pisa, Italy). Within MeshLab, a series of processing filters were
applied to turn the raw surfaces into ones suitable for computational work. Before
and after representations of the smoothing process are shown in Figure 2.3.

Figure 2.3 Before (left) and after (right) smoothing of the medial tibial cartilage.
The first filter applied was a Taubin two-step smooth. The Taubin method
is a series of two Laplacian smoothing steps [51], [52]. Gaussian smoothing
adjusts each node of the surface by a weighted average of its 1 st-order neighbors
using a scaling factor, λ, between 0 and 1. This works for local smoothing,
however to get global smoothing over the entire body, Gaussian smoothing
needs to be applied iteratively many times. Because of the weighted average
method of smoothing, this makes all nodes tend to move towards each other,
leading to global shrinkage of the body. Additionally, any spikes in the raw mesh
can become exacerbated with large numbers of iterations. The Taubin approach
is to use two successive Gaussian steps, with the second one having a negative
scale factor, μ, larger in magnitude than λ. That is, 0 < λ < -μ. The effect of this
second step with a negative scale factor is to create a low pass filter. By varying
11

the number of iterations and the λ and μ parameters, the transfer function of the
filter can be tuned. The λ and μ parameters and the number of iterations were
selected to give a qualitatively smooth surface while quantitatively minimizing
volume shrinkage. Setting λ = 0.8 and μ = -0.83 with 1000 iterations, net volume
change from the raw to smooth STL files was measured to be between 0 and 3%. A slight volume decrease was desirable as it prevented the structures from
having a high degree of contact over-penetration in the reference configuration.
After the body was smoothed, the number of faces needed to be reduced.
Because of the high mesh density output by ITK-SNAP, it would be
computationally excessive to turn the smooth surfaces directly into computational
meshes. Additionally, in anticipation of the final mesh processing step,
isoparameterization (IP), the number of faces needed to be reduced to minimize
computational time. MeshLab’s Quadric Edge Decimation (QED) feature was
used to cut the number of faces down by a factor of 2 to 4, depending on the
geometry. QED collapses surface nodes together to get to the user-specified
target number of faces. At the same time, the filter takes care to preserve the
topology and boundary of the mesh. A quality threshold between 0 and 1 was
used to specify how much MeshLab penalized poor quality faces. This parameter
was set to 1 for all meshing.
After QED, the mesh was sufficiently smooth, but the size and
arrangement of the surface faces were highly irregular. For defining the contact
geometry, this irregular facet distribution was difficult to work with. To create a
more regular surface, the body was re-meshed using an IP filter [53]. This filter
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mapped the surface mesh into an abstract mesh domain. It did this by breaking
sections of the mesh up into a larger triangular matrix. Upper and lower bounds
for the number of triangles in this abstract domain were provided, generally
around 15 and 50, respectively. The algorithm optimized the abstract mesh to
produce regular mesh boundaries. Then, within each larger triangle, the faces
were restructured to yield a uniform mesh distribution while preserving the body
topology. Once these larger triangles restructured the faces within their
boundaries, the entire meshed was transformed back into the present domain. A
second re-meshing parameter defined the mesh density within each of the
abstract mesh faces. This allowed control of the final mesh density and was used
for the convergence study.
The IP filter was not perfectly stable. Sometimes, unstable points would
appear in the abstract mesh domain and become exacerbated in the real
domain, leading to areas of high aspect ratio, irregular elements. It is not known
what exactly caused these points, however they most frequently occurred on
bodies that were very thin with high levels of curvature, e.g., the femoral
cartilage. This problem was rectified by increasing both the min and max abstract
mesh size. By allowing the abstract mesh to have more degrees of freedom, it
was less likely that instability points would occur. Because of this phenomenon,
the ranges of abstract mesh sizes were not consistent between bodies or
subjects. However, overall, they ranged from 15 to 100 faces.
As mentioned previously, once the abstract mesh was created, the second
step was to apply a re-meshing parameter that subdivided the abstract mesh into
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uniform meshes in the real domain. Again, this parameter varied between bodies
and subjects, and was chosen to create a mesh with a target number of faces for
the structure in question. Over all the meshes, this parameter ranged from 4 to
12. After all meshing filters were applied and the mesh was observed to be
sufficiently smooth, uniform, and with the target number of faces, it was exported
from MeshLab as an ASCII text STL file.

2.2.3 Computational Mesh
For generation of the computational mesh, the Delaunay tetrahedralization
scheme TetGen (Weierstrass Institute for Applied Analysis and Stochastics,
Berlin, Germany) was used [49]. TetGen uses constrained Delaunay
tetrahedralizations to construct a tetrahedral mesh from a surface mesh. The
output of the TetGen algorithm was the original surface topology with tetrahedral
elements through the volume of the body.
For finite element simulations, results are calculated at integration points
via approximation functions and interpolated to the nodes. For triangular
(tetrahedral in 3D) elements, linear approximation functions often have higher
degrees of error and result in a stiffness matrix that is artificially stiffer than it truly
is [54]. Therefore, linear tetrahedral elements are often avoided. Hexahedral
elements give more accurate approximations for similar number of degrees of
freedom (DOFs). However, 10 node tetrahedral elements (4 vertices and
midpoints of the 6 edges) or 15 node tetrahedral elements (centroids of 4 faces
and centroid of element) can give comparable results to 8 node hexahedral
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elements with lower computational time [54]. TetGen can output either 4 node or
10 node elements, therefore it was configured to output 10 node elements. If 15
node capability is added to TetGen in the future, that refinement would be a good
option for model optimization.
Because of the triangular facets used to define a given body, the mesh
can be described as a simplicial complex. That is, a group of 2-simplices
representing a set of points. A d-simplex is the d-dimensional notion of a triangle.
E.g. 0-simplex is a single point, a 1-simplex is a line segment, a 2-simplex is a
triangle, etc. Now, let V be a set of points in Rd. A triangulation of V is a simplicial
complex whose vertex set is a subset of V. A Delaunay triangulation is a robust
method to triangulate a set of points while preserving complex geometry. If σ is a
k-simplex (0 ≤ k ≤ d) in V, a circumsphere of σ is a sphere that passes through all
the vertices of σ. σ is said to be Delaunay if there exists a circumsphere such
that no vertex of V lies inside of it. A Delaunay triangulation of V is a simplicial
complex such that all simplices are Delaunay. In R3, this is called a Delaunay
tetrahedralization. For generation of the computational mesh, a Delaunay
tetrahedralization scheme was used.
TetGen was implemented as part of the Geometry and Image-Based
Bioengineering add-On (GIBBON) [55] for MATLAB. A MATLAB script imported
all the STL files for a given subject, designated which bodies were soft tissue (i.e.
needed to have a tetrahedral computational mesh), ran those bodies through
TetGen, then wrote the entire assembly into an input file (INP) to be used in
Abaqus (Dassault Systems, Providence, Rhode Island, USA). TetGen used
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specific parameters written in a command line switch string to control the quality
of the output mesh. All bodies were meshed with the string “-pq5/15Aa10VO7”.
Each command and its impact are summarized in Table 2.2. Further explanation
of the switch command and each available option can be found in the TetGen
manual [49].

Table 2.2 TetGen parameters

2.2.4 Assembly Development
Once MATLAB output the INP file, it was imported into the Abaqus graphic
user interface (GUI). From here, the material properties, interactions, and
boundary conditions were defined. Because the bones are several orders of
magnitude stiffer than the soft tissue, they were modeled as rigid bodies [26],
[56], [57]. This reduced the complexity of the model, cutting down on
computational time. Rigid bodies are defined in Abaqus by specifying the
elements in the body and a reference point. The reference point acts as the node
which all body translations and rotations are defined about. It is also where
boundary conditions are applied to. For the femur, the reference point was picked
as the knee joint center (KJC). The tibia and fibula were modeled as a single rigid
16

body to reduce model complexity. The tibia/fibula reference point was a node
selected on the tibial eminence in the middle of the tibial plateau.
Cartilage is most closely modeled as a depth-dependent, biphasic,
viscoelastic material due to its anatomical structure [19]. Similarly, the menisci
are fiber-reinforced in the annular direction and viscoelastic [22]. However,
because the time constant of these materials is high and the loading is applied in
a quasi-static manner, both can be accurately represented with a linear elastic
model, where material response can be defined by an elastic modulus, E, and a
Poisson’s ratio, ν [57], [58]. Cartilage and menisci material properties are
summarized in Table 2.3.

Table 2.3 Material properties [57], [58]

2.2.5 Ligament and Meniscal Horn Definition
In previous studies, ligaments were modeled as 3 dimensional bodies with
hexahedral elements [46], [47]. This caused issues when the ligaments were put
into compression. Anatomically, ligaments can support minimal compressive
loads. Trying the replicate this attribute in the Abaqus model caused buckling
stability issues in compression. It was solved by including an artificially viscous
dampening force, however that also impacted the final contact stress result. In
other finite element studies of the knee, ligaments have been modeled as
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collections of spring elements to prevent this [57], [59], [60]. The medial collateral
ligament (MCL) and lateral collateral ligament (LCL) were modeled using three
spring elements (anterior, superior, and posterior bundles) while the ACL and
posterior cruciate ligament (PCL) were modeled using two spring elements
(anteromedial (AM) and posterolateral (PL) bundles for the ACL and anterior and
posterior bundles for the PCL). Collateral ligament bundles are named for their
location relative to the other bundles. For example, the superior bundle of the
LCL inserts slightly superiorly to the insertion sites of the anterior and posterior
bundles. Cruciate ligaments are named for where they insert into the tibia. For
example, the AM bundle of the ACL inserts more anteriorly and medially than the
PL bundle, while the ligament itself inserts on the anterior aspect of the tibia.
Insertion sites were determined by cross-referencing the model with the MRI. An
accurate physiological model represents these springs with non-linear force
displacement curves [29]. These spring curves include zero force in compression
and a linear region in tension, connected by a non-linear toe region. Also, the
graphs were offset to give a level of prestress in the reference configuration.
The reference length, lr, of each ligament was the distance between the
origin and insertion sites. This reference length was multiplied by a scaling factor,
β, to calculate the zero-load length, lo. Displacements, u, from the reference
length were mapped into strain values relative to the zero-load length by
(1)

𝜀=
Using a spring stiffness parameter, k, and a reference strain, ε r = 0.03,
force was defined as a piecewise function of strain according to [29]
18

1
𝑘𝜀 /𝜀 ,
4
𝑓(𝑥) =
𝑘(𝜀 − 𝜀 ),
0,

0 ≤ 𝜀 ≤ 2𝜀
𝜀 > 2𝜀
𝜀<0

(2)

The spring definition was input into Abaqus with force as a function of
displacement. The force displacement curve for the ACL is shown in Figure 2.4

Figure 2.4 Force displacement curve of the ACL [29].
All the ligament spring properties are given in Table 2.4. Insertion and
attachment sites were manually selected on the model by referencing the MRI
data. The spring definitions were calculated in MATLAB and written into the
proper Abaqus syntax. The MATLAB script then wrote the spring elements into
the INP file.
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Table 2.4 Ligament spring properties [29]

The menisci were constrained by means of the meniscal horns, which
were modeled as bundles of linear springs. Each horn had 16 spring elements
that were attached between various points on the horn face and a single point on
the tibial plateau. Selecting 16 different points spread the force of the horn out
over the surface of the face, alleviating stress concentrations. The tibial
attachment point for each horn was picked so that the springs would be
tangential to the annular direction of the meniscus. Horn spring properties were
selected similar to Haut-Donahue, et. al. [57]. These springs were written in
MATLAB and included in the Abaqus INP file in the same fashion as the ligament
springs.

2.2.6 Contact Patches
Most of the complexity in making a FEA model of the knee came from the
contact between the articular surfaces. There were six contact patches in the TF
joint that were included in the FEA models. They were:


Lateral femoral cartilage/lateral meniscus
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Lateral femoral cartilage/lateral tibial cartilage



Lateral tibial cartilage/lateral meniscus



Medial femoral cartilage/medial meniscus



Medial femoral cartilage/medial tibial cartilage



Medial tibial cartilage/medial meniscus

To reflect the fact that cartilage is a nearly frictionless material, contact was
modeled as frictionless tangent to the surface and “hard” contact normal to the
surface [57], [58]. To account for how the contact patches moved during flexion,
one large contact patch was defined for each side of the femoral cartilage. Each
superior surface of the tibial cartilage was also defined as one contact patch, as
opposed to defining a contact patch for the femoral cartilage contact and a
second patch for the meniscal contact.
Additionally, there were three bone/cartilage interfaces that needed to be
modeled. These were:


Femur/femoral cartilage



Tibia/medial tibial cartilage



Tibia/lateral tibial cartilage

These were imposed by enforcing a tie constraint between the inner surface of
the cartilage and the area of the respective bone that it overlapped. Contact
patches were manually selected using the Abaqus GUI.
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2.2.7 Knee Joint Center and Flexion-Extension Axis
To properly apply the subject loading case, both the KJC and flexionextension (FE) axis had to be defined. The KJC is the midpoint of the femoral
epicondyles and is where knee resultant loads are calculated. The FE axis is the
axis defined by the femoral epicondyles and is the axis the femur rotates about.
The FE axis was calculated by selecting nodes at the epicondyles of the
femur. The epicondyles were identified by referencing the MRI and locating the
extreme medial and lateral aspects of the femur. In Abaqus, a reference
coordinate system centered on the medial epicondyle was defined. The positive
x-axis was specified using the lateral epicondyle. A point directly inferior to the
medial epicondyle was used to define the x-y plane. This gave a coordinate
system that matched the experimental coordinate system. The positive x-axis
was defined in the lateral direction, the positive y-axis was defined inferiorly, and
the positive z-axis was defined in the anterior direction. The KJC was calculated
by averaging the coordinates of the epicondyles then defining a reference point
in Abaqus.

2.2.8 Output Variable
The primary output variable of interest is the cartilage contact stress,
CPRESS. As mentioned previously, this is a primary indicator of cartilage
damage. Other studies have also reported the contact area, CAREA, as part of
their results [46], [47], [56], [61]. However, as contact stress is the value
predominately responsible for cartilage degradation, contact area was judged to
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be a less significant output variable. Reported stress is the maximum value of
CPRESS, averaged at the maximal node and the 18 surround nodes in the 6
neighboring elements. This averaging reduced the prominence of stress
concentrations and gave a more accurate picture of the cartilage stress. In the
validation study, reported stress is also averaged over a similar area to the
physical sensors used experimentally. The arrangement of the 19 nodes is
shown in Figure 2.5. Contact stress is reported separately for the medial and
lateral sides. Each loading case will have two output results: the maximum
contact pressure for each tibial compartment.

Figure 2.5 Location of the nodes used for contact pressure averaging.
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2.2.9 Solution Steps and Boundary Conditions
To solve the model, several discrete steps were defined. This broke the
entire solution up into different regimes for various purposes. Additionally,
separate boundary conditions could be applied at each step that were specific to
the load being applied. Boundary conditions are critical to limiting the rigid body
degrees of freedom in a FEA model. Insufficient boundary conditions will lead to
rigid body translations and rotations while overly constrained models will display
artificially high stiffness. Each step had Abaqus’ NLGEOM flag activated to
accurately capture high flexion angles and the nonlinearity introduced with
contact analysis.
The first step had no applied loads or rotations and was intended to let the
springs and contact definitions come to equilibrium. Because of the combination
of ligament pre-stress and contact over closure, the bodies were not in a stressfree reference configuration. In the first step, sufficient freedom was given to the
model to allow it to resolve the contact overclosure while the femur moved to
come to equilibrium under the ligament forces. For this step, the femur had all
translations and the varus-valgus rotation constrained while the flexion-extension
and internal-external rotations were left free. The tibia had all rotations
constrained and translations free. The varus-valgus rotation constraint on the
femur was necessary to ensure model convergence in this step. Models run with
the DOF left free were unable to converge. It was not immediately clear why this
was the case, however this restriction was not present in subsequent steps,
therefore there is no impact on the results.
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The second step was for application of a prescribed flexion angle. A
prescribed rotation was specified at the KJC. This step used the same boundary
conditions as the previous one, where the tibia had all rotations fixed and
translations free while the femur had flexion-extension and internal-external
rotations free and varus-valgus rotation and translations fixed. This allowed the
femur to rotate as necessary while being stable and the tibia would translate to
accommodate the contact constraints. The femur boundary conditions were
modified to constrain the flexion-extension rotation to the prescribed angle.
The third step was when the load was applied. Loads and forces were
applied to the KJC. To allow the model to displace adequately while remaining
properly constrained, the tibia had all degrees of freedom fixed while the femur
had all, except the flexion/extension angle, free. This kept the angle fixed to the
prescribed value. Load step boundary conditions are shown in Figure 2.6.
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Figure 2.6 Boundary conditions and loading in the third analysis step.
2.3 Model Convergence and Validation
A convergence study of the model was conducted by refining the
cartilaginous bodies to different levels in MeshLab by use of the IP re-meshing
parameter. The menisci were not individually tested for convergence as no
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results were sampled from them. Since convergence could be obtained through
the cartilage alone, increasing the degrees of freedom (DOFs) in the menisci
would unnecessarily increase computational time over the entire model. Five
different models ranging from 295,000 to 665,000 global DOFs were created. A
500 N compressive load was applied at the femur joint center and contact
pressure was recorded. Because the IP filter created the surface mesh by
refining larger triangles in the abstract mesh, the corner nodes of those abstract
mesh faces remained in a constant location in the real domain. Since all
convergence study meshes were created from the same underlying IP, this
yielded a handful of nodes that were in the same location across the
convergence meshes. These nodes were used to compare stress results across
the models to judge convergence. In total, 15 nodes were selected, and are
highlighted in Figure 2.7.
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Figure 2.7 Convergence study reference nodes for the femoral cartilage (top),
medial tibial cartilage (left) and lateral tibial cartilage (right).
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As expected, the models showed poor results for a low number of DOFs.
Figure 2.8 shows contact stress as a function of DOFs. Some of the highlighted
points in Figure 2.7 did not report any contact stress for all 5 convergence study
models. The nodes that were in contact for each model are highlighted in blue in
Figure 2.7. They are named in Figure 2.8 according to what body they contact
(cartilage or meniscus) and where they are located relative to the other nodes.
From the convergence graphs, 450,000 DOFs was selected as a target for future
models to be converged. The gray vertical line shows the completed model used
in this study.
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Figure 2.8 Convergence study results for the femoral cartilage (top), medial tibial
cartilage (middle), and lateral tibial cartilage (bottom).

30

The final model had 98,980 elements, with 517,566 DOFs. The elements
per body are broken down according to Table 2.5. The meshes for the femoral
cartilage, lateral tibial cartilage, and medial tibial cartilage are shown in Figure
2.9, Figure 2.10, and Figure 2.11, respectively. All three of the AC bodies are
relatively thin compared to their contact area. This required a high mesh density
to give a sufficient number of elements through the body thickness while
preserving reasonable element aspect ratios. The meshes for the femur, fibula,
and tibia are given in Figure 2.12, Figure 2.13, and Figure 2.14, respectively. The
primary modeling concern was that the cartilage contact surfaces were
sufficiently defined. Their overall mesh densities were a result of the density
required to accurately define the contact regions. The lateral and medial menisci
are shown in Figure 2.15 and Figure 2.16, respectively. These bodies become
very thin in the inner annular region. Their mesh densities had to be fine enough
to preserve aspect ratios in this thin section. Figure 2.17 shows the entire knee
model with the femur and femoral cartilage removed to show the ligament and
meniscal horn springs. The whole knee model is shown anteriorly in Figure 2.18
and posteriorly in Figure 2.19.
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Table 2.5 Number of elements in each mesh

Figure 2.9 Mesh of the femoral cartilage.
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Figure 2.10 Mesh of the lateral tibial cartilage.

Figure 2.11 Mesh of the medial tibial cartilage.
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Figure 2.12 Mesh of the femur.

Figure 2.13 Mesh of the fibula.
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Figure 2.14 Mesh of the tibia.

Figure 2.15 Mesh of the lateral meniscus.
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Figure 2.16 Mesh of the medial meniscus.

Figure 2.17 Whole knee model without femur or femoral cartilage.
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Figure 2.18 Whole knee model viewed from the anterior direction.
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Figure 2.19 Whole knee model viewed from the posterior direction.
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The converged model was validated against published cadaveric
experimental data. Seitz et. al. [62] conducted cadaver experiments investigating
the changes in contact pressure in response to partial meniscectomies. The
study involved inserting digital sensors between the menisci and tibial cartilage
that had a spatial resolution of 1.4 mm2. The averaging routine mentioned for the
cartilage contact pressure (CPRESS) averaged the FE results over a similar
area. The published results for the intact meniscus were used to validate the FEA
model at 500 N and 1000 N compressive loads. Boundary conditions were
selected that most closely reflected those mentioned in the study. During loading,
the tibia was fully constrained and the femur had flexion-extension and varusvalgus rotation fixed. Contact pressure results were measured for both the
medial and lateral knee compartments on the tibial cartilage surface. Because
the experimental study involved separating then reconstructing the knee joint, it
is unlikely the ligaments were fully intact and providing their full levels of in situ
prestress. Therefore, prestress in the ligament springs was turned off for
validation studies. The models were considered validated if the CPRESS
averages fell within one standard deviation of the reported mean.

2.4 Subject Loading
Each subject had a unique loading case specific to their average gait and
cycling trials. For each gait trial, the maximum compressive load was identified
and extracted, along with the anterior-posterior and medial-lateral shear, varusvalgus and internal-external rotation moments, and the flexion angle at that point
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in time. These numbers were then averaged across all trials to create an average
gait load for the subject. A similar procedure was followed for cycling. Gait loads
are shown in Table 2.6, cycling loads are shown in Table 2.7, while averages and
standard deviations are shown in Table 2.8. Compressive, lateral, and anterior
forces, as well as valgus and internal rotation moments, were defined as positive.
Note that the internal moment does not strictly follow a right-handed coordinate
system. This was due to a difference between the model coordinate system and
the coordinate system the loads were reported in and rectified by switching the
sign of the applied internal-external moment. Due to kinematic constraints of the
model, flexion angles were limited to a maximum of 65 degrees. This limited
some of the cycling models. Experimentally, there was not a strong
interdependence between flexion angle and maximum compressive load at that
point in the cycle, therefore limiting the flexion angle does not significantly alter
the rest of the loading case. Additionally, one gait case, 2016Aug15-01 (marked
with an * in Table 2.6), only completed 96.33% of the loading step before the
simulation stopped. Because Abaqus was still able to converge to a solution at
96.33% of the load, that result was used along with the rest. Linearly
extrapolating the data to 100% of the load does not change any of the statistical
conclusions reached in the study, therefore the impact of this limitation is
minimal.
A custom MATLAB script combined the loading case with the model
geometry, wrote the INP file, and sent it to Abaqus. This methodology was used
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to quickly iterate various model parameters without requiring direct modification
of the INP.

Table 2.6 Gait loads

Table 2.7 Cycling loads
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Table 2.8 Summarized loads

2.5 Statistics
Once all 24 jobs were run, maximum contact pressures were extracted
and averaged. There were 4 averages to compare for each of the 2 knee
compartments (medial, lateral): 2 subject conditions (control, amputee) with 2
exercises (gait, cycling). Because the study was not interested in pressure
differences across the knee, the medial and lateral values were considered
independently. For each compartment of the knee, 2-way ANOVA (α = 0.05)
determined the presence of any significant interactions. For all interactions
deemed significant, a post-hoc Tukey pairwise comparison (p < 0.05 significant)
found if the difference was statistically significant.
Additionally, to correct for any effects of body mass, height, or BMI, the
contact pressure results were normalized by body weight (BW), BW divided by
height (BWH), and BW divided by height squared (BWH2). This yielded four sets
of results to be analyzed. The statistical results in each data set were assessed
for trends between the normalization schemes.

42

3. RESULTS
3.1 Validation Results
The results from both the 500 N and 1000 N compressive load validation
studies are shown in Table 3.1. The FE model validated well against the
experimental study, with each compartment being within one standard deviation
of the experimental mean. This indicates that the geometry and material
modeling reflect realistic physiology to a reasonable degree. However, due to
how the experiment was conducted and the fact that ligaments were likely not
included, this does not validate our ligament methodology. That said, because
the ligaments are supported with literature, it is reasonable to accept the FEA
results with them included.

Table 3.1 Validation study results

3.2 Subject Results
The results from the 24 loading cases are shown in Figure 3.1. Individual
contour plots for each model can be found in Appendix A. Actual and normalized
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values are listed in Table 3.2 and summarized in Table 3.3 for gait as well as
Table 3.4 and Table 3.5 for cycling. For each subject, the medial results were
higher than the lateral in both exercises and for both subject types. Additionally,
the standard deviation for each group was largest in medial gait for both
amputees (5.957 MPa) and controls (5.789 MPa). For each normalization
scheme, group standard deviations relative to their respective average did not
significantly change.

Figure 3.1 Summarized maximum contact pressure results without normalization
(* indicates significance, p<0.05)
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Table 3.2 Actual and normalized gait maximum cartilage contact pressure [MPa]

Table 3.3 Actual and normalized gait maximum cartilage contact pressure,
averaged [MPa]

Table 3.4 Actual and normalized cycling maximum cartilage contact pressure
[MPa]
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Table 3.5 Actual and normalized cycling maximum cartilage contact pressure,
averaged [MPa]

3.3 Statistics
ANOVA statistical results for each normalization scheme and interaction
are shown in Table 3.6. While there were slight variations in p-values due to
normalization scheme, there were no changes in significance. Because
normalization had no impact on significance, only the non-normalized values will
be discussed. Conclusions drawn from the non-normalized values can be
similarly drawn from the normalized groups.

Table 3.6 ANOVA statistical results (* indicates a significant result, p<0.05)
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In the medial compartment, there was no significant dependence on
exercise (p=0.088), amputation status (p=0.760), or the interaction of the two
(p=0.959). The lateral compartment indicated that there were significant
differences in exercise type among the groups present, so those values were
analyzed with a post-hoc Tukey pairwise comparison. The results of this
comparison are shown in Table 3.7.

Table 3.7 Lateral post-hoc Tukey pairwise comparison results (* indicates a
significant result, p<0.05)

The Tukey results support the conclusions of the ANOVA test. There is a
significant difference in tibial contact pressure due to exercise type when looking
at similar subjects (p=0.00012 for amputees and p=0.00020 for controls) as well
as between subject types (p=0.00013 for control gait – amputee cycling and
p=0.00018 for control cycling – amputee gait). There is no difference based on
amputation status in either gait (p=1.000) or cycling (p=0.997).
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4. DISCUSSION
4.1 Subject Contact Stress
4.1.1 FEA Results
As stated previously, there were no significant trends in the medial side
while only exercise type was significant in the lateral side. This suggests that an
individual, regardless of amputation status, would be at less risk for lateral OA
with cycling as compared to gait. Additionally, there would be no change in their
medial OA risk. One of the larger differences between the gait and cycling cases
was that the cycling peak load occurred at a much higher flexion angle, on
average 19.83 degrees in gait versus 66.05 degrees in cycling. As the femur
rotated through its range of motion, the femur shifted posteriorly and the
ligaments extended slightly, causing them to apply a larger load, particularly in
the MCL. This larger ligament load caused a higher medial stress. While the
applied compressive load was 91.9% lower in cycling than gait, this higher stress
due to ligament tension caused the net contact stress to only be reduced by
25.1% between gait and cycling (due to the standard deviations of 44.4% in gait
and 18.0% in cycling, this 25.1% difference in means was not significant). The
opposite trend happened in the LCL. The LCL inserts into the superior aspect of
the fibula, which is located slightly posterior to the tibial plateau. Therefore, as
the femur rotated, the strain in the LCL decreased. This combined with the lower
applied loads to cause a lower lateral contact stress compared to gait.
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4.1.2 Experimental Comparison
Other kinematic studies have found that cycling produces significantly
lower resultant forces and rotation moments than gait [14], [15] which should
cause lower contact pressures. This supports the finding of this study that cycling
reduces the risk for lateral OA. However, the applied force and moment resultant
are only a component of the overall cartilage loading, which is highly dependent
on the ligament forces. The action of the collateral ligaments at high flexion
angles could explain why there was no significant medial contact pressure
difference between gait and cycling. This also leaves the model open to errors if
the ligaments are incorrectly defined. Additionally, cohort studies have shown
that amputees are at higher risk for OA, particularly in the medial side [4], [7],
[63], [64]. If contact pressure is a highly correlated risk factor for OA, then it
would be expected that amputees would exhibit higher contact stresses than the
controls. However that is not what the results show, which is that contact stress
is largely independent of amputation status. This is one of the shortcomings of
using a generic FEA model because it is unable to reflect any underlying
physiological changes that may have occurred in the amputees that leads to the
higher OA incidence. Subject-specific modeling or producing a generic amputee
model would yield greater insight into this phenomenon.
Kinematic studies have also shown that while TT amputees exhibit
significantly different gait kinematics compared to control subjects, they develop
similar resultant forces and rotation moments [15], [65]. This is consistent with
the result of this study that there was no contact stress difference between TT
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amputees or controls. However, if this is the case, it may not be sufficient to
predict OA risk factors solely through varying loads. If the loads are not different
due to amputation status, there must be some other underlying biomechanical
change that TT amputees face that results in higher OA risk. Cadaver studies
have shown that ACL forces vary quite heavily on both flexion angle and applied
loading [66]. This was similarly seen in the FEA models. The ligament spring
elements would apply force in accordance with their relative displacement, which
could change significantly as the knee articulated. Subsequently, a significant
portion of the contact stress developed as a response to the ligament forces. It is
highly likely that the ligaments have a significant impact on TT amputee OA risk
factors. Subject-specific modeling of the ligaments would help distinguish
differences in the amputee population relative to the controls.
Looking at the contact area could also give further insight into the effects
of altered knee loading. Specifically, seeing how the location of maximum contact
stress changes in controls versus amputees and gait versus cycling. It is not
immediately clear in what way the effect could be quantified. The underlying
relation to OA is that even if the magnitudes of maximum contact stress are not
significantly different, applying the stress to a region of cartilage that does not
normally see such high stress can cause accelerated degradation.
Understanding how the region of maximum stress moves could be equally
important to understanding OA risk as predicting the stress magnitude itself. As
the loading cases in this thesis were all conducted on the same geometry, a
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single contour plot showing how the location of maximum stress moved could
easily be developed.

4.1.3 Development Procedure
The modeling environment set up for this study is conducive to
development of additional models. While the segmentation process is largely
manual and tedious, it does not require a large labor investment before MRIs can
be accurately segmented. Additionally, the number of persons segmenting
should be minimized to reduce inter-observer error. MeshLab does not require a
large amount of computational time and can efficiently process the mesh files to
yield smooth surfaces. Once a target number of surface faces is developed for a
given body, MeshLab can quickly produce surfaces with the target. There is that
capability to automate MeshLab to run a set routine of filters to a large number of
bodies, but that may not be the best approach for this situation. The highly
irregular regions that randomly occurred during IP could not be anticipated and
required manual adjustment of the filter parameters. The IP remeshing parameter
also had to be manually adjusted to reach the target number of faces. Luckily,
the filters used to create the models did not require a large amount of user time
to execute. Utilizing TetGen saves large amounts of time in the development of
computational meshes. Once the surface meshes are created, the same
MATLAB routine can be called to create any number of models. Utilizing the
ABAQUS GUI for definition of contact surfaces was again a highly manual
process, however an individual familiar with the geometry and physiology can
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efficiently define all the requisite surfaces. After the geometry and contact
surfaces have been separated into the correct text files, the MATLAB script can
again be invoked to rapidly create and submit ABAQUS jobs with different
models and loading conditions. While there are still areas of the process that can
be improved or further automated (MeshLab, text file writing, output processing),
the procedure outlined is better suited towards subject-specific models than
previous methods.

4.2 Model Limitations
While the model was sufficiently converged and validated to some
experimental data, it still is only a model and faces some limitations due to the
assumptions made.

4.2.1 Material Model
One of the larger assumptions made was in how the cartilage and menisci
were modeled. While there is literature supporting use of linear elastic isotropic
materials, material choice still impacts the stress distribution in the cartilage. For
example, a cartilage material that was too stiff or too compliant would
misrepresent the contact area and skew the reported contact pressure. Including
a material model that is biphasic and/or viscoelastic would increase the fidelity of
reported pressures. Future work for this study could include such a material
model to increase the clinical relevance of the results.

52

Physiologically, the meniscus serves to distribute the load across the tibial
plateau [67]. Accurate modeling of the menisci would change how they distribute
stress between the femoral and tibial cartilage. The menisci exhibit transverse
isotropy, with the annular direction being much stiffer than the others [68].
Increasing transverse compliance of the menisci would improve coaptation at the
contact surfaces, resulting in more accurate stress distribution.

4.2.2 Medial Contact Patch
While the lateral contact patch generally produced smooth and plausible
contour plots, the medial contact patch, particularly in gait, was often entirely
concentrated in a small region around the lateral aspect. This is shown in the
contour plot in Figure 4.1. The standard deviations for medial results also tended
to be higher than lateral results, indicating the model was not as stable in that
region. This suggests the medial kinematics of the model may not be accurate.
As the medial compartment has a higher incidence rate of OA than the lateral
side [64], accurate medial contact kinematics are critical for having a clinically
relevant model. Additionally, experimental stress contour plots of Seitz, et. al.
[62] show that the contact stress is more even distributed under the menisci. In
the medial compartment, exercise choice was close to being statistically
significant (p=0.088). A more accurate contact patch or more subjects could
change the stress distribution such that one or more interactions are, in fact,
significant. A power analysis indicates that for β = 0.20, n = 21 subjects could
indicate statistical significance. It is likely that the current contact patch is an
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artifact of the segmentation procedure. Only finite resolution can be extracted
from a grayscale MRI image. Distinguishing, by hand, the boundaries of
anatomical bodies based on varying shades of gray is inherently an inaccurate
process. Future work could be aimed at segmenting with higher fidelity to reduce
the degree of inaccurate body geometry. The final segmentation should be
reviewed by an orthopedic surgeon to ensure accuracy.

Figure 4.1 Typical gait contour plot showing poor medial contact patch.
4.2.3 Ligament Definition
While the ligament modeling approach used in this study is supported in
literature, the model exhibited high sensitivity to the locations of the origin and
insertion sites determined from MRI. Changing these locations would affect the
direction of the ligaments’ lines of action. Changing the direction of loads applied
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to the bones would also impact how cartilage stress developed to resist the
forces. This would compound with the poor contact patch geometry and cartilage
material compliance to substantially change contact pressures or cause stress
concentrations. A more precise validation of the ligament attachment sites as
well as their prestress definitions would create a more stable and accurate
model. One such method to refine the cruciate ligament definition would be to
replace the single-spring ligament bundles with multiple springs. With a singlespring definition, the line of action for the ligament is strictly directed between the
two nodes chosen. This makes the ligament definition sensitive to the nodes
selected, which is a subjective choice. Averaging the ligament attachments over
multiple nodes reduces this direction vector sensitivity. Additionally, ligament
definitions should be reviewed by an orthopedic surgeon for physiological
accuracy.

4.2.4 Joint Resultant Force
The forces that were determined experimentally and applied to the FEA
model were joint resultant forces. These consist of a force-couple system applied
at the KJC and replicate the net force and moment developed from the joint
contact force and muscle forces acting across the knee, namely the knee flexor
(e.g. hamstring) and extensor (e.g. quadriceps) muscle groups. Anatomically, the
TF joint can only support a compressive load normal to the tibial plateau because
of the near frictionless nature of the AC. The joint shear loads and rotation
moments develop because of the muscle forces that act across the joint. By only
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modeling the TF joint and neglecting interactions of the patellofemoral (PF) joint,
the quadriceps force must be included in the applied load to account for its
interaction. This necessitates use of the joint resultant force. To include the PF
joint in the FEA model, the quadriceps component of the resultant forces would
have to be removed and applied across the patella and patellar tendon to the
tibia. It is valid to create a TF FEA model only if the joint resultant force is
correctly determined. Including the PF joint and applying the joint resultant force
would incorrectly account for the interaction of the quadriceps force. Similarly,
applying just the joint contact force without the PF joint modeled would not fully
describe the forces present at the knee. In this study, it was appropriate to apply
the joint resultant to a model that did not include the patella.
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5. CONCLUSIONS
The purpose of this thesis was primarily to determine relative risk factors
for TT amputees in differing exercise regimes be means of an FEA model and
secondarily to develop a process by which subject-specific models could be
developed. One subject’s MRI was fully segmented and turned into a TF joint
FEA model. The model was validated against experimental cadaveric data using
linear elastic material properties for both the cartilage and menisci and non-linear
springs to represent the ligaments. Six control and six TT amputee loading cases
were applied to the model for each exercise mode (gait, cycling). The results
indicated that all subjects, regardless of amputation status are at lower risk for
lateral tibial OA with cycling than gait (p<0.0001), while medial OA risk remains
unaffected. Amputees did not show higher levels of cartilage stress than controls
in either exercise mode. The hypothesis of this thesis was that TT amputees
would see higher cartilage contact stress because of their known higher
incidence rates for OA. Additionally, cycling was expected to reduce cartilage
contact stress because of the lower loads. While cycling did reduce the contact
stress in the lateral compartment, it did not do so for the medial compartment
which is known to be more prone to OA. Also, TT amputees did not show any
differences from the control subjects. Taken together, these two results suggest
that the load distribution mechanisms in the knee may be more complicated than
was anticipated. Further modeling is needed to accurately characterize how the
knee absorbs and distributes loads.
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This thesis also set out to establish a methodology that can be applied to
create subject-specific FEA models. While there are currently some limitations to
be improved upon, the underlying process can be used to develop FEA models
in an expedient manner. Several aspects of mesh generation were automated
using MATLAB scripts. This constituted a bulk of the work in this thesis. Along
the way, several modeling steps were made with the specific aim of helping
facilitate a more automated model development process. In the future, these can
be expanded to provide greater functionality. With continued improvement, the
procedure outlined in this thesis can be used to conduct extensive subjectspecific FEA studies for novel research aims.
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GAIT AND CYCLING CONTOUR PLOTS

Figure A.1 Control subject contour plots in gait.
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Figure A.2 Control subject contour plots in gait (cont.).
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Figure A.3 Control subject contour plots in cycling.
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Figure A.4 Control subject contour plots in cycling (cont.).
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Figure A.5 Amputee subject contour plots in gait.
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Figure A.6 Amputee contour plots in gait (cont.).
75

Figure A.7 Amputee subject contour plots in cycling.
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Figure A.8 Amputee subject contour plots in cycling (cont.).
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